The fluid mechanics of artificial blood pumps has been studied since the early 1970s in an attempt to understand and mitigate hemolysis and thrombus formation by the device. Pulsatile pumps are characterized by inlet jets that set up a rotational "washing" pattern during filling. Strong regurgitant jets through the closed artificial heart valves have Reynolds stresses on the order of 10,000 dynes/cm 2 and are the most likely cause of red blood cell damage and platelet activation. Although the flow in the pump chamber appears benign, low wall shear stresses throughout the pump cycle can lead to thrombus formation at the wall of the smaller pumps (10-50 cc). The local fluid mechanics is critical. There is a need to rapidly measure or calculate the wall shear stress throughout the device so that the results may be easily incorporated into the design process.
INTRODUCTION
Although the use of mechanical circulatory support was postulated as early as 1812 by LeGallois (LeGallois et al. 1813) , it was not until 1961 that the first clinical left heart bypass was performed by Hall et al. (1962) . It was almost eight years later that Cooley (1969) implanted the first artificial heart into the chest of a patient for over 60 hours before replacing the device with a human donor heart. Although the promise of clinically acceptable devices with widespread use was predicted by many researchers, progress was slower than anticipated due to difficulties with bleeding, hemolysis, thrombus formation, infection, and device failure. Thrombus formation and hemolysis appeared to be fundamental problems limiting device success. In spite of the use of anticoagulant and platelet-inhibiting agents, thrombus formation and embolic events were common. Under certain operating conditions, hemolysis was also encountered. It was recognized that thrombus formation and hemolysis within blood pumps was influenced by several factors such as the blood material interface, the surface topography, and the fluid mechanics.
Researchers realized flow visualization could be implemented in the design of blood pumps to reduce thrombus formation, which is influenced by fluid mechanics. In 1971, Phillips et al. (1972) performed pioneering studies utilizing flow visualization techniques in blood pumps. Results of these studies indicated that changes in blood pump geometry, valve type, and orientation could reduce thrombus formation. For example, a region of stasis that existed in the apex of the blood pump was eliminated by replacing a ball and cage valve with a tilting disc valve.
Measurement techniques for studying blood flow in artificial hearts were pioneered in the Pennsylvania State University Artificial Heart research lab. Early studies used particle tracers such as pearl essence. A heated wire producing hydrogen bubbles was also used in the entrance region of the pump. Techniques such as hot film anemometry, laser Doppler anemometry (LDA), and, more recently, particle image velocimetry (PIV), have all been employed to study details of the flow field within blood pumps and have resulted in significant improvements in blood pump design.
GENERAL DESCRIPTION Pulsatile Artificial Hearts and Ventricular Assist Devices
The LionHeart TM Left Ventricular Assist System, shown in Figure 1 , illustrates one end product of experimentation discussed here. In the pulsatile pumps, the flow is driven either pneumatically or by a pusher plate against a segmented polyurethane blood sac. Where measurement access to the ventricle is required, the blood sac is replaced by a diaphragm of the same material, so that the interior of the model is exposed. This is a good representation of pusher plate devices, where only the pusher plate side of the sac moves. Generally, the device is cylindrical, with ports for the inlet and outlet artificial heart valves that are joined tangentially to the body. For an adult device under physiologic conditions, the mean aortic (outlet) pressure is 100 mm Hg (120/80), the mean atrial (inlet) pressure is 10mm Hg (20/0), and the
Figure 1
The LionHeart TM Left Ventricular Assist System. cardiac output is 5 liters/min. The beat rate is 72 beats/min (bpm) and the percentage of the cycle in outlet flow (systolic duration) is 30% to 50%. Physiological conditions can vary widely and automatic control of the pump cycle is normally through monitoring of the end diastolic volume, diastole being the filling portion of the cycle. Mehta et al. (2001) provides a description of a typical, fully implantable device. Much of the characterization of the fluid mechanics of pulsatile, artificial blood pumps has been by our group at Penn State, so this review necessarily focuses on those results. Rosenberg et al. (1981) describe a mock circulatory loop for testing the blood pumps. Inlet and outlet compliance chambers simulate the atrial and aortic compliance of the native cardiovascular system, while a parallel plate resistor downstream of the aortic compliance simulates the systemic resistance of the circulation. A reservoir between the systemic resistance and atrial compliance controls the preload to the pump. Pressure waveforms are measured in the compliance chambers and flow waveforms at the inlet and outlet ports. The variable compliance and resistance are used to set the fixed flow conditions. Beat rate and systolic duration are also parameters and are set through an appropriate drive system. The dynamic control of the implanted device has not been simulated but is described by Mehta et al. (2001) .
The Mock Circulation

Blood Analog Fluids
Blood is a shear thinning, viscoelastic fluid (Cokelet 1987 ) that is often taken as Newtonian at sufficiently high shear rates (above 500 s −1 ). The hematocrit (relative volume of red blood cells) greatly affects the magnitude and relative importance of the viscous and elastic components of the complex viscosity (Thurston 1996) . The high shear rate kinematic viscosity asymptote for normal hematocrit blood (40%) is about 3.5 centistokes (cs) and solutions of glycerin and water (40/60) or mineral oils are often taken as blood analogs (Hochareon et al. 2003) . Optical access to the fluid for velocity measurements can be important and , among others, used a solution of 79% saturated aqueous sodium iodide, 20% pure glycerol, and 1% water by volume to produce a fluid with a kinematic viscosity of 3.8 cs and an index of refraction (matching Plexiglas) of 1.49 at 25
• C. Using a Newtonian analog is often justified on the grounds that blood hemolysis is a result of strong shear flows and turbulence, which are characterized by high shear rates. Mann et al. (1987) compared Newtonian and viscoelastic solutions against bovine blood in an artificial ventricle using ultrasound and found that the viscoelastic material tracked the bovine blood better. Brookshier & Tarbell (1993) developed Xanthan gum/glycerin solutions that simulate blood viscoelasticity well; sodium iodide may be added to adjust the index of refraction.
Heart Valves
Heart valves, which maintain unidirectional flow, play a major role in the mechanical environment of the artificial heart. They are generally chosen for their durability. For the Penn State devices, Bjork-Shiley tilting disc valves were used. For a 70-cc pump, the outlet valve port is 27 mm and the inlet port is 29 mm. Mechanical heart valves (MHVs) are not specifically designed for mechanical blood pump flow fields, and their efficiency can be compromised. Yoganathan et al. (2004) gives a survey of MHVs and their fluid mechanics. Some discussion of the effect of MHVs in the artificial heart or blood pump environment follows in context with different-size devices.
Hemolysis and Thrombosis
Hemolysis, the destruction of red blood cells, and thrombosis, clot formation, must be avoided in artificial blood pumps to achieve long-term clinical success. The relationship of these events to the fluid mechanics, velocity, shear and wall shear rates, and turbulence is the major impetus for flow studies in blood pumps. Neither phenomenon is completely understood. A hemolysis potential curve from the National Heart, Lung, and Blood Institute (1985) , which relates shear stress and exposure time to red cell, white cell, and platelet lysis has been available since 1985. Because blood cells are viscoelastic, they can tolerate high stresses for short exposure times without hemolysis. For example, an exposure time of more than 0.1 ms at a shear stress of 10,000 dynes/cm 2 will produce red cell lysis as will 1500 dynes/cm 2 for times over 100 s. Nevaril et al. (1969) concluded that prolonged exposure to laminar shear stress on the order of 1500 dynes/cm 2 could cause lysis of red cells, and Sallam & Hwang (1984) showed that sustained turbulent stresses above 4000 dynes/cm 2 created by a submerged jet would cause hemolysis. concluded, on the basis of these and other published studies, that stress levels above 1500-4000 dynes/cm 2 were undesirable. Platelet activation and the initiation of the clotting process may occur at still lower stresses.
Thrombus formation has long been thought to be a function of, among other factors, (low) wall shear stress and blood residence time (see Wootton & Ku 1999 for example). Hubbell & McIntire (1986) reported that the wall shear rate should be above 500 s −1 [18 dynes/cm 2 for a viscosity of 3.5 centipoise (cp)] to prevent clot formation on segmented polyurethane (the blood sac material). Daily et al. (1996) pointed out that "the thrombogenicity of assist devices can be attributed to (1) the coagulability of the blood, (2) the properties of the blood contacting surfaces, and (3) fluid dynamic factors." It is often not easy to separate these.
EARLY EXPERIMENTS IN BRIEF
Early fluid mechanics studies were through flow visualization (Lenker 1978 , Phillips et al. 1972 , single-component laser Doppler anemometry (Phillips et al. 1979) , hot film anemometry in conjunction with dye washout (Affeld 1979) , and pulsed Doppler ultrasound (Mann et al. 1987 , Tarbell et al. 1986 ). Flow visualization continues to be useful for qualitative assessment. More recent flow visualization studies are by Hochareon et al. (2003) , Mussivand et al. (1988) , and Woodward et al. (1992) , for example. Mann et al. (1987) used pulsed Doppler ultrasound to measure the near wall flow at 13 locations around the cylindrical portion of a 100-cc artificial heart model using glycerin/water, bovine blood, and a 0.08% by weight separan (a shear thinning polymer) solution. They estimated their control volume, which was angled at 60
• to the wall, as a cylinder of 3 mm in diameter and a thickness of 0.45 mm. In addition, because only a single component of velocity was measured, assumptions about the flow field had to be made for wall shear rates to be estimated. Flow patterns for the three test fluids were quite different, particularly during diastole, where it was speculated that the viscoelasticity of the separan solution and the bovine blood reduced the spread of the inlet jet. Tarbell et al. (1986) , using the same system under the same assumptions, found peak wall shear stresses of less than 30 dynes/cm 2 . They concluded that the mean and turbulent flow in the ventricular assist device (VAD) was not high enough to damage blood elements, but that the low wall shear could contribute to thrombus deposition. The pulsed Doppler ultrasound measurements suffered from poor spatial resolution.
In an important study, Jarvis et al. (1991) used human blood in a 100-cc artificial ventricle to measure hemolysis directly through quantification of plasma-free hemoglobin. They found that the degree of hemolysis was a function of the operating conditions of the ventricle. For example, 90 bpm produced a third more hemolysis than did 60 bpm, with both at 50% systolic duration. The authors speculated that the turbulent stresses might play an important role. Baldwin et al. (1988) did extensive measurements of wall shear stress inside a ventricle using flush-mounted hot film anemometry probes. The artificial ventricle was large (100 cc) and had an inlet port at the center of the device-a configuration no longer used. This makes it difficult to compare their results with those of other investigators in smaller pumps. The pump was run at physiologic conditions. Peak wall shear stresses were in the range of 350-500 dynes/cm 2 in the body of the device, essentially independent of systolic duration. There was no evidence of flow stagnation. Near the valves, values of the wall shear stress were of the order 1000-1500 dynes/cm 2 at 50% systolic duration and nearly twice that for 30% systolic duration. The authors concluded that flow in the body of the device was probably not hemolytic while the shear stress levels in the valve passages were. Francischelli et al. (1991) used a fiber optic system to look at residence times for an analog fluid doped with fluorescein dye. Both a 70-cc parallel port device ) and the 100-cc device considered by Baldwin et al. (1988) were studied at systolic durations of 30% and 50%. They found that the washout is characterized by an exponential decay. For all positions and operating conditions considered, washout was within 1-2 beats.
A 70-CC ADULT DEVICE Baldwin et al. (1989 Baldwin et al. ( , 1990 Baldwin et al. ( , 1993 published what is still the most thorough study of artificial heart fluid mechanics. They used a two-component laser Doppler anemometer to make mean and turbulence measurements at some 135 locations within the ventricle and 10 locations at each of the outlet and inlet flow tracts at normal physiologic conditions. A standard four-beam, two-component system was used in backscatter, with counter signal processors, to perform the measurements. The measurement ellipsoids had a diameter of roughly 65 µm and a length of 1.13 mm. The beat cycle was divided into eight time windows, centered about 0, 100, 200, 300, 400, 500, 600, and 700 ms after the start of systole. Time windows varied from 20 to 100 ms, as a function of data rate (as described by Baldwin et al. 1993) , with 40 ms used for most cycle times and locations. Coincident data occurring during any time of interest was placed in the appropriate time window file. Mean and fluctuating velocities and Reynolds stresses were calculated from 250 ensembles at each time window and location. Baldwin et al. (1993) estimated that 95% of the Reynolds stresses would be within 20% of the (converged) values obtained for 4096 ensembles.
The Reynolds stresses are not invariant to coordinate rotations, so that data was presented, in principle axes, as the maximum Reynolds normal and shear stress (Baldwin et al. 1993) . A problem inherent to turbulence measurements of this nature is that the beat-to-beat variation of the flow will appear as a "pseudo turbulence" that cannot be separated out. Setting a single "coincidence time" in these unsteady flows may also lead to errors in the stress. In addition, we note, as do the authors, that it is not clear how the Reynolds stresses are related to the damage of red blood cellsroughly 3 × 8-µm, biconcave disks. Perhaps the case can be made, as the authors do, that the turbulent dissipation will increase as the Reynolds stress to the 3/2, so that the Kolmogorov scale, proportional to the stress to the −3/8, will be smaller as the stress increases and therefore more dangerous to the red cells. Some estimates by suggest that the small-scale structure of regurgitant jets through the closed valves is the order of 5 µm, as discussed below.
We reproduce the mean velocity map of the chamber flow in Figure 2 . Mean velocities in the chamber are not available at 300 and 400 ms into the cycle (during Mean (ensemble-averaged) velocity maps of a 70-cc device at eight times during the cardiac cycle. Time zero is the onset of systole, diastole begins at 400 ms, and the cycle duration is 800 ms. Arrow lengths are proportional to mean velocity magnitude (see scale) and point in the direction of the mean velocity vector. The aortic (ejecting) port is located at the top and the mitral (filling) port is located at the bottom. (Permission granted from ASME, systole), as the beams are blocked by the pusher plate. The highest velocities in the chamber are in the major orifices of the aortic valve [1.9 meters/second (m/s)] and of the mitral valve (1.2 m/s) in early systole and early diastole, respectively. The inlet jet through the major orifice helps to produce a rotational pattern in the chamber that persists into early systole (0-500 ms). The authors note that this rotational pattern appears to provide good "washing" of the chamber. Other experiments, with sac-type demonstrate that the minor orifice of the mitral valve does not show significant inflow during diastole (400-700 ms), and that this may be a result of the rotational motion "clipping" the incoming flow. Of great interest are the large retrograde fluid velocities, through the "closed" valves, in the near wall regions of the aortic valve during diastole and the mitral valve during systole. The major Reynolds normal stresses are shown in Figure 3 . Major Reynolds shear stresses are half these values and are rotated 45
• clockwise from the principle stress axis. The authors note that major normal stresses do not exceed 1000 dynes/cm 2 in the chamber and 2000 dynes/cm 2 in the aortic outflow tract. The outflow values are similar to those observed by Yoganathan et al. (1986) with this valve. Much larger Reynolds stresses were found in the regurgitant (retrograde) jets, prompting the authors to study these in more detail. The mitral valve regurgitant jet is stronger than that of the aortic valve because of the larger pressure gradient across it during systole than across the aortic valve during diastole. Velocities as high as 4.4 m/s and normal stresses as large as 20,000 dynes/cm 2 were observed. conclude by asking whether "artificial heart fluid mechanics can be improved." They base this on the rather innocuous fluid mechanics of the pumping chamber and the relatively minor ways in which the geometry, with respect to the size and shape of the natural heart, may be changed. They find that the near valve flow is of concern. Maymir et al. (1997 Maymir et al. ( , 1998 continued the study of regurgitant jets, in particular, the influence of occluder to housing valve gap width. Meyer et al. (1997 Meyer et al. ( , 2001 ) extended the work by using a three-component LDA for three additional MHVs-the Medtronic-Hall tilting disc, and the Carbomedics and St. Jude bileaflet designs-and report turbulent jets with large sustained Reynolds stress even for the bileaflet valves.
An additional concern with using MHVs is the recognition (Leuer 1986 , Quijano 1988 , Walker 1974 ) that they cavitate. Cavitation is the formation of bubbles from gaseous nuclei in the fluid due to a drop in local pressure (Young 1989) . Although Zapanta et al. (1996) showed valve cavitation in vivo in an artificial heart, the problem is not just associated with the use of MHV in the artificial heart, but with the general use of these valves. There are several serious potential problems associated with cavitation: hemolysis and thrombosis initiation, valve leaflet damage, and the formation of stable gas bubbles that may find their way to the cranial circulation. Although cavitation-induced pitting of explanted valves has been observed (Kafesian et al. 1994 ), significant valve leaflet damage is rare. Lamson et al. (1993) used porcine blood to determine the index of hemolysis for three phases of the prosthetic heart valve flow cycle-forward flow, rapid valve closure, and regurgitant flow through the closed valve. They found that the hemolytic effect of regurgitant flow is equivalent to that of forward flow, under conditions producing no cavitation, even though the volume of backflow is much smaller than that of forward flow. This supports the order of magnitude higher Reynolds stresses observed in regurgitant flow compared to forward flow described by Maymir et al. (1997 Maymir et al. ( , 1998 . Moreover, Lamson et al. (1993) show that the index of hemolysis is a strong function of cavitation intensity and cavitation duration. Major Reynolds normal stress maps of a 70-cc device at eight times during the cardiac cycle. Time zero is the onset of systole, diastole begins at 400 ms, and the cycle duration is 800 ms. Arrow lengths are proportional to normal stress magnitude (see scale) and point in the direction of the major axis of the principal stress axes. The aortic (ejecting) port is located at the top and the mitral (filling) port is located at the bottom. (Permission granted from ASME, 
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There have been reports (for example, Dauzat et al. 1994 ) of gaseous emboli in the cranial circulation, detected by Doppler ultrasound, for MHV recipients. Bachmann et al. (2001), Biancucci et al. (1999), and Lin et al. (2000) suggest that these emboli might be the aftermath of cavitation growth and collapse. A good deal of work has been reported on MHV cavitation. There is no current review but much is described in the work of Graf et al. (1994) , Zapanta et al. (1996) , Chandran et al. (1997), and Bachmann et al. (2001) .
SMALL BLOOD PUMPS Pediatric Blood Pumps
The growing need for long-term pediatric, circulatory assist has resulted in a NIH program to develop such an assist device by 2009. The required output of the device is about 1 liter/min. The simple geometric scaling of the pumps is described by Bachmann et al. (2000) . For example, to reduce the volume from 70 to 15 cc, one might reduce all linear dimensions by the cube root of the ratio of volumes. Assuming that the non-Newtonian nature of blood does not introduce any additional parameters, the "global" fluid dynamics of the system is described by the Reynolds (Re) and Strouhal (St) numbers. In a study of 73 healthy subjects ranging in age from 5 days to 84 years, Gharib et al. (1994) found that the Strouhal number remained fairly constant at 4-7. Later, Bachmann et al. (2000) assumed length, time, and velocity scales are, respectively, the diameter of the inlet port (di), half the inverse frequency (f) (for 50% systolic duration), and the mean volume flow rate divided by the area of the inlet port. With the volume flow rate equal to the stroke volume (SV) times frequency, they showed that Re = . Clearly, geometrically similar pumps have constant Strouhal number. Daily et al. (1996) and Bachmann et al. (2000) have both studied a roughly 15-cc pediatric assist device. Reynolds and Strouhal numbers for the devices, taken from Bachmann et al. (2000) , are given in Table 1 . The large increase in St for the 15-cc device is a result of undersizing the inlet port. Daily et al. (1996) provided both PIV maps and clinical studies of the device that focused on the choice of MHVs-handmade ball and cage valves (which were initially used clinically) versus bileaflet valves. The PIV maps compared valve types for a single instant of diastole and a single instant of systole. They reported that for the bileaflet valve the inlet jet penetrated more deeply into the chamber and was more coherent; the diastolic rotational motion was formed sooner and the amount of fluid entrained by the outlet jet was greater. In addition, the pressure drop and mean energy loss through the ball and cage valves were much greater than that through the bileaflet. Moreover, they reported that animal experiments of the device with handmade ball and cage valves showed thrombus formation in the device-something rarely seen in the 70-cc pumps. Initial experiments with the bileaflet valves showed no such thrombus formation.
Bachmann et al. (2000) used a TSI Inc. two-component LDA system to measure mean and turbulence quantities in a pediatric ventricle with handmade ball and cage valves at normal physiologic conditions. By using beam expansion they reduced each measurement volume to a roughly 200 µm × 30 µm ellipse. At each of 75 locations, 250 ensembles were measured at distances from the wall opposite the pusher plate of 0.1, 0.3, 0.6, and 1.0 mm. The data reduction follows . Both a sodium iodide solution and a Xanthan gum viscoelastic solution were employed. The wall shear rate was estimated from the velocity measurement 0.1 mm from the wall, using the no-slip condition. A gray-scale contour map of the average wall shear stress over the filling portion of the cycle is shown for each fluid in Figure 4 (the mitral port is located on the right side of the device). Large regions of very low wall shear stress are apparent. A similar plot for the wall shear stresses averaged over the ejection portion The diagrams of a pediatric device design show wall shear stresses averaged over the ejection portion of the cardiac cycle for both Newtonian (left) and non-Newtonian fluids (right). (Permission granted by Blackwell Publishing, Bachmann et al. 2000.) of the cycle is shown in Figure 5 . Again, we observe large regions of very low shear stresses. Differences between the results for each fluid, particularly on the inlet side of the model, are striking. Bachmann et al. (2000) compare the characteristics of the Penn State pediatric pump with other small pumps that have shown some clinical promise. These include pumps described by Park & Kim (1998) , who use Carbomedics bileaflet valves; by Taenaka et al. (1990) and Takano et al. (1996) , who use Bjork-Shiley tilting disk valves; and by Konertz et al. (1997a,b) , who use polyurethane trileaflet valves. A consequence of using commercially available valves is a larger inlet length scale and reduced Strouhal number. Comparisons among the pumps, adapted from Bachmann et al. (2000) , are shown in Table 1 .
A 50-cc Device
The 70-cc-100-cc ventricles described earlier are too large, as the basis for implantable artificial hearts and blood pumps, to be used for much of the adult population. The development of smaller blood pumps that do not sacrifice cardiac output is a continuing research area. Hochareon et al. (2003 Hochareon et al. ( , 2004a and Oley et al. (2005) recently presented a study of the mean velocity and wall shear stress in a 50-cc device using high-speed video and PIV. Hochareon et al. (2003) examined the opening pattern of the diaphragm using high-speed video. They determined that the opening pattern of the diaphragm, as it affected the diastolic jet and subsequent rotational motion, was a critical aspect of the overall flow. By comparison against flow visualization of the sac motion in a clinically approved 70-cc device, they also showed that the diaphragm motion was a good representative of the whole sac motion. Jin & Clark (1994) reported a similar study.
Figure 6
The particle image velocimetry (PIV) velocity maps during early diastole (125 and 150 ms), middle to late diastole (200-400 ms), and systole (450-600 ms) for the 50-cc Penn State ventricular assist device. Time reference is from the onset of diastole.) (Permission granted from ASME, Hochareon et al. 2004.) www.annualreviews.org • Artificial Blood Pumps 77 Hochareon et al. (2004a,b,c) made PIV measurements in the transparent 50-cc pump model as a function of pump cycle time. The Reynolds and Strouhal number are included in Table 1 . All measurements were in the plane of the pusher plate. In this design, however, the inlet valve is rotated 30
• from the pusher plate direction, so that the light sheet is not aligned with the maximum jet velocity. The blood analog fluid was mineral oil. The pump was run at physiological conditions. A standard, planar TSI, Inc. PIV system was used to acquire 200 images at each condition. The light sheet was estimated at less than 0.5-mm thick and was initially centered 5 mm from the front edge. Cross-correlation of the images was performed by the TSI, Inc., Insight TM software. The final interrogation window size was 16 × 16 pixels. Both a global and eight local areas (medial and lateral walls of the mitral and aortic ports and walls of the chamber body) were investigated. Resolution was 85 µm/pixel and 25 µm/pixel for the global and local maps, respectively. Components of the velocity gradient were calculated as central differences and wall shear rates estimated from the velocity point nearest the wall. The authors did not attempt to use PIV to estimate the turbulence levels.
Global flow maps are shown in Figure 6 . Note that diastole starts at 0 ms and systole at 430 ms with the mitral port on the right side of the chamber. The flow is again dominated by the diastolic jet and subsequent large-scale rotation. Peak velocities are the order of those observed by in a 70-cc device. The authors use vorticity maps to highlight the growth of the wall boundary layers. The local flow field near the mitral port at 200 and 400 ms is reproduced in Figure 7 . The associated wall shear rates shown in Figure 8 never exceed some
Figure 7
The velocity maps of the mitral port at 200 ms and 400 ms for the 50-cc Penn State ventricular assist device. (Permission granted from ASME, Hochareon et al. 2004 .)
Figure 8
The inlet port's average wall shear rate in time series in the beat cycle from the lateral wall (a and d ) and the medial wall (b and c) of the mitral port. The lateral wall is the right wall in Figure 7 . The wall location axis in a and d corresponds to the vertical axis in Figure 7 , where the fully open valve tip position is at the wall location approximately 16 mm. The wall shear rate data in b and c were obtained from magnified particle image velocimetry vector maps of the minor orifice jet region. As a result, the wall location axis in b and c does not coincide directly with the vertical axis shown in Figure 7 . The positive direction of the wall location axis in b and c is reversed from that in a and d, where 0 mm corresponds to roughly 23 mm on the vertical axis in Figure 7 .
Figure 9
The velocity and vorticity maps of the bottom wall from time 200 ms and 300 ms for the 50-cc Penn State ventricular assist device. This region shows potential for flow separation due to the low velocities measured using particle image velocimetry. (Note: The size of the area is 30 × 30 mm.) (Permission granted from ASME, Hochareon et al. 2004.) 3000 s −1 . The secondary inflow jet through the minor orifice of the mitral port had not been previously studied.
The local flow and vorticity fields near the bottom of the device are shown in Figure 9 . Shear rates for this region are 0-250 s −1 . The authors note such low shear rates over the entire cycle are of concern. Similar shear rates are observed at the upper wall region between the valve ports. A rough summary of shear rates in the device is reproduced in Figure 10 . In general, the wall shear rates observed in the 50-cc device are much lower than those observed by Baldwin et al. (1988) in a 100-cc ventricle.
Figure 10
Qualitative summary of wall shear rates within the 50-cc Penn State ventricular assist device during diastole and systole. (Permission granted from ASME, Hochareon et al. 2004 .) Hochareon et al. (2004b) developed refined methods to estimate the wall shear stress from PIV measurements in the artificial ventricle. Issues include the improvement of wall location estimates and the position of the velocity vector in the irregular measurement volumes nearest the wall. The influence of the size of the interrogation region was studied by simulations. Hochareon et al. (2004c) used the refined method for determining wall shear rate to obtain more extensive data in the bottom region of the 50-cc device. Yamanaka et al. (2003) are performing an in vivo study of clot deposition in the 50-cc heart implanted in calves, which shows good correlation with regions of persistent low wall shear. Much more work correlating wall shear and clot formation is warranted. Oley et al. (2005) recently completed a PIV study of the effect of beat rate and systolic duration on the global flow characteristics in the same 50-cc device. Shorter diastolic times produced a stronger inlet jet and an earlier and stronger diastolic rotation. However, the stronger the diastolic rotation, the larger the separated flow region on the inlet side of the aortic valve. The authors note that the relatively rapid acquisition of whole-flow field data, using PIV, may permit experiments to play a more active role in the design process for artificial devices.
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CONCLUSIONS AND FUTURE DIRECTIONS
For artificial ventricles suitable for large adults (>/ = 70 cc), clot formation within the ventricle is not generally observed. The major problems are associated with the valves, both with the high stresses in the regurgitant jets and with the influence of cavitation. Activation of the clotting cycle is likely, although the clots do not adhere to the surface of the pump. Smaller pumps show some thrombus deposition in addition to the valverelated problems. Maintaining the inlet Strouhal number near physiologic values is sensible, but clot deposition has been observed in a 50-cc device with a physiologic Strouhal number of about 4. Details of the local fluid mechanics, particularly of the wall shear stresses, will be critical to the successful design of the smaller pumps. Oley et al. (2005) note that the relatively rapid acquisition of whole-flow field data using PIV will be useful in this regard, but we note that the motion of the formed blood elements and their interaction with the artificial materials are a parallel part of the problem not yet addressed by experiment. Computation of the flow field and motion of the formed elements would be extremely useful, but the problems facing a successful computation are formidable. The flow and species motion are unsteady with valve-induced turbulence (at modest Reynolds number) through some of the cycle: The fluid is shear thinning and viscoelastic; the flow is driven by a flexible sac. Work in this important area seems likely to continue for a long time.
Finally, a good deal of effort is currently directed toward the development and testing of rotary blood pumps including axial and centrifugal flow assist devices (Reul 2003) .
